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Abstract—We propose the use of wireless, energy-harvesting,
implanted nanodevice arrays with electrodes for selective stimu-
lation of peripheral nerves in the human body. We calculate the
input ultrasound energy and harvested power for single fixed-
size nanowire-based nanodevices at different tissue depths and
compare these with the current and voltage levels required for
peripheral neural stimulation. We model the dimensioning of
arrays of nanodevices, embedded in biocompatible tissue patches,
to meet these neural stimulation requirements. Selectivity of
activation of particular nerve bundles requires that the output
voltage and current of the array can be varied to increase or
decrease penetration into the neural tissue. This variation can
be achieved by changing the energised area of the array and/or
by decreasing the incident ultrasound power. However, the array
must be implanted horizontally relative to the incident ultrasound
as any tilting of the nanodevices will reduce the harvested energy.
The proposed approach provides a longer-term implant solution
for nerve stimulation that allows the patient greater freedom of
movement than with embedded tethered electrodes.
Index Terms—Nerve stimulation, Nanoscale devices, Energy
Harvesting, Ultrasound.
I. INTRODUCTION
Neural tissue activation relies on the use of electrical current
to stimulate specific parts of the nervous system in order to
treat neurological conditions (e.g., Parkinson’s Disease), nerve
breakages resulting from accidents, or neural connectivity for
prosthetics. Stimulation of motor nerves at present is carried
out by externally powered electrodes placed on the skin surface
(transcutaneous) or under the skin (subcutaneous) in closer
proximity to muscles or nerves [1], [2]. Electrodes can be
single points or multiple arrays with variable voltage and
current control. The stimulus levels for these electrodes can
be minimised by placing them as close as possible to the
main nerve tissue that needs to be stimulated. One type of
electrode, the cuff electrode, can be wrapped around larger
nerves [3] to minimise the applied voltage and current levels.
The majority of these solutions require implanted electrodes
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Fig. 1: Bio-compatible patch containing nanodevice array
powered by externally generated ultrasonic waves. The array
sends current pulses to stimulate specific fascicles (nerve fibre
bundles).
that are wired to a power and control unit to deliver mea-
sured amounts of voltage and current [4] for functions such
as deep brain stimulation, spinal cord stimulation, cochlear
implants and cardiac pacemakers. A more advanced system
for detecting brain activity and then transmitting locomotion
signals wirelessly to the lower spinal cord is described by
Capogrosso et al. [5]. Battery powered modules are used for
signal detection and neural stimulation while external systems
provide signal processing and protocol transmission. Smaller
scale components and efficient powering would greatly en-
hance the deployment of such advanced prosthetics.
A major limitation of such solutions is the practicality of
devices that can be implanted within patients and enable them
to live a normal lifestyle. The challenges include (i) the ability
to embed the device for longer-term deployment, where the
devices can harvest energy from either the environment or an
external source, avoiding the need for tethered wires, and (ii)
ensuring that the device can be easily inserted into the nervous
system and used to stimulate specific nerve bundles (e.g., along
the elbow, spinal cord), while minimizing any stress on the
tissue.
In this article, we address these challenges by proposing
and modelling the use of nanoscale devices (“nanodevices”)
that can be safely implanted into patients for the longer-term
stimulation of selected peripheral nerve fascicles. The overall
scenario is illustrated in Fig. 1, where a nanodevice array is
embedded into a polymer-based patch of bio-compatible tissue
[6], and placed against a nerve’s outer layer (Epineurium).
The nanodevice harvests its energy from ultrasound waves
that are emitted by a portable external source. The use of





















Fig. 2: Block diagram of end-to-end path from the ultrasound
source through skin/fat and a nanodevice array resulting in
the generation of an electrical current to stimulate the nerve
fascicles.
greater longevity of components, though we do not have
projections for the ultimate longevity of such a device. The
patch must be both bio-compatible (to resist rejection, inflam-
mation and bio-fouling) and non-degradable. Polymer-based
bio-compatible materials specifically for substrates, structures
and packaging are surveyed by Qin et al. [6]. They show
how these materials can meet the requirements of implantable
biosensors and describe different packaging methods. Polymer
based packaging will also have acoustic impedance similar to
human tissue (see §III-A) and will have a minimal impact on
the performance of the array. The end-to-end power transfer
process, illustrated in Fig. 2, shows the external ultrasound
source emitting waves that bend the piezoelectric nanowires in
each of the nanodevices in the patch. The harvested ultrasound
energy is converted by the piezoelectric nanowires and releases
an electronic pulse that stimulates nerve fascicles through an
electrode. However, the nanodevices must harvest sufficient
power for releasing the required threshold amount of current
to stimulate specific nerve bundles. In previous work [7] we
reported on an initial investigation of the use of ultrasounds to
power subcutaneous nanowire-based nanodevices. That inves-
tigation showed how lower ultrasound frequencies provided
better tissue penetration and more energy per cycle to bend
nanowires. Here we extend that work by (i) calculating the
output voltage and current of a nanodevice relative to the
input ultrasound intensity and (ii) modelling the use of coupled
nanodevices for selective neural stimulation particularly in the
fascicles of the peripheral nerves of the wrist and forearm
that control arm and hand movements: the radial, median and
ulnar. The main competitive advantage of our proposed ap-
proach, based on the use of a synthetic patch array composed
of nanodevices for stimulation, is the ability to stimulate nerve
fascicles at different depths by varying the intensity of the
incident ultrasound, or spatially targeting specific nanodevices
on the patch. The piezoelectric nanowires can respond to lower
ultrasound frequencies that can penetrate through a greater
depth of tissue than higher frequencies.
The article is organised as follows: the architecture of
energy-harvesting nanodevices using ultrasounds is outlined
in §II; the transmission of ultrasound energy through human
tissue and the power output of nanodevices is analysed in §III;
the deployment for neural stimulation is modelled in §IV; and
our conclusions are presented in §V.
II. NANODEVICE ENERGY HARVESTING
Our proposed nanodevice must convert incident ultrasounds
into mechanical vibrations and then into piezoelectric energy
(Fig. 2). There are two main methods for harvesting ultra-
sounds: resonant piezoelectric crystals or vibrating piezoelec-
tric nanowires. The size of a resonant crystal depends on
the frequency of the ultrasound: the higher the frequency,
the thinner the crystal. The powering of sensors embedded in
tissue using resonant lead zirconate titanate ( PZT) crystals
has previously been investigated by Ozeri and Schmilovitz [8],
using a frequency of 673 kHz. These devices are at a macro
scale (cm2) and not suitable for the miniature devices that we
are targeting for our patch. A cuff electrode powered by a
PZT crystal, operating at 1 MHz was also demonstrated by
Larson and Towe [9]. Simple half-wave rectification of the
output AC voltage with a single diode provided a stimulus
pulse to the sciatic nerve of a rat. The output power and
successful operation depend critically on the positioning and
alignment of the crystal, which could easily be changed in a
live body. The use of micro-scale resonant crystals (“neural
dust”) for neural recording using ultrasound powering and
backscatter was proposed by Seo et al [10]. The recording
principle has been demonstrated for peripheral nerves [11]
though the available components are at millimetre scale at
present. For smaller scale operation, an energy harvesting
resonant crystal would have dimensions in the micrometre
scale, which would imply a resonant frequency in the 10
MHz or greater range; such a high frequency of ultrasound
would be strongly absorbed by human tissue (see §III-A) so
miniature resonant crystal harvesters could only be deployed at
very shallow skin depths (e.g., 2 mm). Therefore, for deeper
penetration using lower ultrasound frequencies, we consider
piezoelectric zinc oxide (ZnO) nanowires that can vibrate in
response to a range of ultrasound frequencies [7] and produce
variable amounts of current and voltage.
A. Piezoelectric ZnO Nanowires
We use an analytical perturbation model for bending a ZnO
nanowire developed by Gao and Wang [12]. The nanowire is
modelled as a thin cylindrical rod with a specific modulus
of elasticity (Young’s modulus). Bending a nanowire requires
the application of a force that is countered by the elasticity of
the nanowire. If a constant force F is applied until a bending
before discharge ym (as depicted in Fig. 3) is achieved, then





In this case Y is the nanowire’s Young’s modulus, I is the area
moment of inertia and L is the nanowire length. The bending
is directly proportional to the applied force. The energy (work)





The work is proportional to the square of the displacement.
The voltage V is approximately linear over the range of
applied forces, as analysed by Hinchet et al. [13] and can
be expressed as:
V = Gym. (3)
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TABLE I: Force, displacement, work and voltage for bending
a nanowire.
Force Displacement Work Voltage
(nN) (nm) (fJ) (V)
60 109 3.274 ±0.212
80 146 5.821 ±0.284
90 164 7.36 ±0.319
100 182 9.09 ±0.354
The parameter G has units of volts/nanometre and is a constant
for specific values of diameter and length. Values for force,
displacement, work and voltage (from (1), (2), (3)) for bending
a nanowire that is 50 nm in diameter, 600 nm long and has
a Young’s Modulus of 129 GPa [12] are shown in Table I.
The value of G is 1.9 x 10−3 V/nm. The work required for
bending is of the order of femtojoules and the magnitude of
bending is sufficient to deliver a piezoelectric energy output.
The use of ZnO nanowires for energy harvesting was
proposed by Wang and Song [14] for delivering a periodic
DC voltage and current. The nanowires in this type of DC
nanodevice are fixed at one end to a substrate while the other
end is free and can bend to touch a specially engineered
corrugated (zigzag) electrode. External vibrations push the
substrate and harvesting electrode together and hence bend the
nanowires. The bent nanowire then has a stretched side with a
positive charge and a compressed side with a negative charge.
The negative charge is released when the compressed surface
of the bent nanowire touches the electrode. Systematically
bending the nanowires produces a unidirectional current and
negative voltage that’s collected by the electrode, as shown
in Fig. 3. The zigzag electrode of the Wang device is made
from platinum-coated silicon with parallel etched trenches.
The substrate is made from a flexible polymer (preferably
biosafe) coated with a thin film of gold. Aligned nanowire
arrays can be grown on such a flexible substrate to match
up with the trenches on the electrode. Spacing between the
substrate and the electrode is provided by polymer strips that
can be sealed if the device is to be immersed in liquid.
The maximum potential (voltage) at the nanowires surface is
directly proportional to the bending and inversely proportional
to the length-to-diameter aspect ratio. The bending creates
a piezoelectric negative potential between the upper zigzag
electrode and the lower substrate.
B. Ultrasound Energy-harvesting Nanowires
The overall power harvesting capability depends on: (i) the
amount of bending the nanowires are subjected to; (ii) the
bending events per second (frequency); and (iii) the nanowires
per unit area (density). Ultrasound is once source of external
vibration that can be used for energy harvesting. Ultrasound
vibrations effectively push the electrode and substrate together
at the frequency of the ultrasound. This dynamic distortion
of the device causes the nanowires to bend but they do
not resonate at the ultasound frequency. Where ultrasound is
used as a source of vibrational bending, the energy per cycle
will determine the amount of bending while the ultrasound












Fig. 3: Energy harvesting from bent nanowires using a cor-
rugated top electrode and a conducting substrate. Vibrations
push the bottom substrate towards the top electrode, causing
the nanowires to bend and generate a negative potential due
to the piezoelectric effect.
In order to demonstrate vibrational activation, a 2 mm2 nano-
generator using ZnO nanowires and powered by ultrasounds
was developed by Wang et al. [15]. The device was immersed
in water and subjected to ultrasound excitation at 41 kHz.
The output current and voltage values were recorded as noisy
square waves but the input intensity of the ultrasound was
not recorded, making it difficult to assess the efficiency. The
same group carried out similar ultrasound energy-harvesting
tests in biofluids [16] that included coupling three devices
in parallel and then in series to demonstrate boosting current
and voltage. The square-wave output of these devices was as
a result of (i) an inbuilt diode characteristic that delivered
current in one direction only and (ii) capacitive effects in the
contact between the nanowire and the electrode that helped
spread the discharge of piezoelectricity through the electrode.
The developers theorise that if all nanowires participated in
current production, through better alignment and more uniform
length, the result would be a much improved square wave DC
output. Based on these considerations we model the output of
a nanodevice as a DC square wave with no requirement for
rectification and hence no additional power consumption or
performance degradation.
We now compare the energy (work) levels for bending a
nanowire (∆E) as shown in Table I with the energy that can
be delivered to a nanowire by ultrasounds.
III. ULTRASOUND AS AN ENERGY SOURCE
The ultrasound intensity used in our calculations is based
on a maximum value of 720 mW/cm2, which is in line
with medical recommendations [17]. In our computations, we
use three different power intensities: (i) the initial intensity
emanating from the ultrasound source (Uo); (ii) the ultra-
sound intensity entering the nanodevice following penetration
through tissue layers (Ud); and (iii) the piezoelectric power
intensity emerging from the nanodevice (Po). We now model
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Fig. 4: Plot of Ultrasound Intensity vs Skin/Fat and Muscle
Depth. The rate of absorption is significantly higher for denser
muscle tissue in comparison to the less dense skin/fat.
the ultrasound intensity entering the nanodevice; §III-C models
the power emerging from the nanodevice.
A. Ultrasound Absorption and Reflection in Human Tissue
Externally applied ultrasound will penetrate initially through
several layers of human skin tissue. For peripheral nerve
stimulation, the nanodevice would be embedded centimetres
deep in subcutaneous fat. An ultrasonic beam of frequency f
MHz with an initial intensity of Uo penetrating to a depth of
d cm will have a resultant intensity of Ud:
Ud = Uo10
−(αfd/10). (4)
The absorption coefficient α, expresses the power loss and has
a value of 0.6 dB/cm/MHz for skin/fat and 1.8 dB/cm/MHz for
muscle [17]. Figure 4 presents the ultrasound intensity with
respect to tissue depth (Ud) and is based on (4), where the
ultrasound attenuation is calculated through 10mm skin/fat and
then 10mm muscle for four different ultrasound frequencies.
The higher ultrasound frequencies are more strongly absorbed
compared to lower frequencies, particularly in the denser
muscle tissue.
Acoustic reflections at tissue interfaces (e.g., between fat
and muscle) are caused by differences in acoustic impedance
(the density of the tissue multiplied by the speed of sound);
the unit of acoustic impedance is the Rayl (kg.s−1.m−2). The
reflection at an air/human tissue interface would result in up
to 99% of the ultrasound being reflected because of the large
difference in the acoustic impedance [17] (429 Rayl for air,
1.4 MRayl for skin/fat). Consequently there should be no air
gap between an ultrasound transducer and human tissue. For
our nanodevice array, the acoustic impedance of the synthetic
patch and the nanodevice substrate should match the acoustic
impedance of body tissue as closely as possible.
B. Ultrasound Cycle Energy
Initially, we model a single nanodevice that is perpendicular
to the ultrasound vibrations (no tilt) and hence can intercept the
maximum amount of ultrasound energy. The input intensity is
fixed at 720 mW/cm2, or 7.2 x 10−9W/ µm2, and the intensity
at different depths is calculated using (4). At a fixed density
of m nanowires per µm2, the energy per nanowire per cycle,
Enw, at an ultrasound frequency of K cycles per second and





At 50 kHz the energy level is from 7.1 fJ to 6.7 fJ at 1cm and
10cm depth, respectively. The energy per cycle per nanowire
at 1 MHz is initially over 20 times lower than at 50 kHz (0.03
fJ) and decreases more rapidly with depth. This means that the
magnitude of 50 kHz ultrasound cycle energy per nanowire is
comparable to the nanowire bending energies shown in Table I,
but the 1 MHz cycle energies are too low to provide sufficient
bending. Consequently, we will assume the use of ultrasound
at a frequency of 50 kHz to power our nanodevices. By using
a lower ultrasound frequency with lower tissue absorption
and short-duration (100 µs) infrequent pulses of ultrasound
(See §IV-A) we will minimise any possibility of tissue or
nanodevice heating.
Maximum ultrasound power will be transferred to a nan-
odevice if the incident beam is perpendicular to the device
substrate and hence strike the full nanodevice area. If a
nanodevice is tilted at an angle to the ultrasound source, then
the incident intensity will be reduced [18]. A nanodevice tilted
at an arbitrary angle can be modelled as a combination of a
horizontal tilt and a vertical tilt. If Ud is the intensity of a
beam at a depth of d cm and a nanodevice is tilted at an angle
θ in the horizontal plane and an angle φ in the vertical then
the resulting intensity on the surface, Ur is:
Ur = Udcosθcosφ. (6)
A plot of the ultrasound intensity at a skin/fat depth of 5 mm
against varying horizontal and vertical tilt angles (0◦ to 90◦ )
is shown in Fig. 5. The maximum intensity is 717 mW/cm2
and drops steeply even for relatively small horizontal and
vertical angles (e.g. 15◦). Consequently the level of tilt must
be minimised if a threshold intensity needs to be maintained
to activate a nanodevice.
C. Power Output Analysis
The total output energy of a nanodevice depends on (i) the
energy of the incident ultrasonic wave; (ii) the harvesting area;
(iii) piezoelectric efficiency of the nanowires; (iv) absorption
or reflection of ultrasound within the nanodevice; and (v)
the fraction of nanowires that contribute to the electrical
output. The input energy levels range between 5.82 fJ (bending
force of 80 nN) and 9.09 fJ (bending force of 100 nN) per
nanowire as shown in Table I. The DC ZnO nanodevice in
[14] had a measured average output energy per nanowire of
approximately 0.05 fJ, though this did not use ultrasound. A
comparison with input energy levels suggests a conversion
efficiency of between 0.8% and 0.55%. The output power Po is
computed from the nanodevice area A, the incident ultrasound
intensity Ur and the conversion efficiency e, and is represented
as follows:
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Fig. 5: Plot of Ultrasound Intensity vs Angles of Tilt for a
frequency of 50kHz and a skin/fat depth of 5 mm. The tilting
of the nanodevice will have a significant impact on the incident
ultrasound intensity.
Thus, a 1000µm2 ultrasound harvesting nanodevice with 20
nanowires per µm2 at a depth of 1 cm and incident ultrasound
intensity of 710 mW/cm2 (input work per nanowire of 7.1 fJ )
could have a power output of 39 nW when a conversion factor
of 0.55% is used.
The voltage output of a nanodevice depends on the magni-
tude of bending that the nanowires experience. In order to drive
any microelectronic circuitry, a voltage level of between -0.2
V and -0.3 V would be necessary. As indicated in Table I the
theoretical output voltage of a nanowire bent by a force of 80
nN is -0.284 V, but experimental results for the same bending
force provide a voltage level of -25 mV [19] (less than 10%
of the theoretical values), although this divergence is partly
because of the difficulty in measuring at the nanoscale. By
conservatively reducing the expected output voltage at 80 nN
from -0.284 V to -0.025 V while retaining the same magnitude
of bending, we can use (8) to calculate a new constant G′ and




This will give us the value of G′ as 1.712 x 10−4 V/nm. We
then use this scaling to calculate the output voltage and current
of a 1000 µm2 nanodevice when subjected to increasing
intensity of incident ultrasound energy. From (2) we can derive
the relationship between the amount of bending in the wire






We also know from (5), the amount of energy per nanowire
that a specific intensity of ultrasound can deliver (Enw). By
substituting for ∆E and also using (8), we can derive the
relationship between the output voltage (Vo) and incident
ultrasound intensity (Ur) for a nanowire as follows:
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Fig. 6: Plot of ultrasound intensity against output voltage and















The nanowire size, the density of nanowires (m) and the
ultrasound frequency (K) are all fixed so the only variables
are the voltage level Vo and the incident ultrasound intensity
Ur. The maximum current output of a nanodevice depends on
the total charge generated from all the bent nanowires and how
quickly the charge is released. In our model we calculate the








The resulting plots of nanodevice output voltage and current
against ultrasound intensity, based on (10) and (11) are shown
in Fig. 6. The plots are approximately linear except at lower
levels of the ultrasound intensity.
In summary, for a successful operation of ultrasound energy
harvesting, the conditions that need to be considered are:
• The nanodevices should all be at the same depth.
• There should be no denser tissue or bone obstructing the
path in order to minimise absorption and reflections.
• The nanodevices should be inserted so as to minimise any
tilt in order to collect the maximum ultrasound intensity.
Having determined the output voltage and current levels for an
ultrasound-harvesting embedded nanodevice, we now examine
the current and voltage levels needed to stimulate peripheral
nerves in the human body.
IV. NEURON ACTIVATION
The human nervous system has two broad divisions: (i)
the peripheral nervous system providing sensing and muscle
activation (motor) functions throughout the human body and
(ii) the central nervous system (the brain and spinal cord) for
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processing sensory information and sending control signals
to/from the peripheral nervous system. The nervous system
has two main types of cells: neurons for communications and
glial cells for support and nutrition. Neurons have a resting
potential, based on an ionic balance of sodium and potassium
ions across the neural membrane, of approximately -70 mV. If
a stimulus raises this potential above -55 mV (e.g., by applying
a pulse of magnitude 15 mV or greater) then the neuron
activates, where ion channels in the membrane open and
positively charged sodium ions flow across the membrane into
the neuron (depolarisation). The potential rapidly increases to
about 40 mV (a total increase of 110 mV from rest). At this
point the sodium ion channels close, potassium ion channels
open and there’s a flow of positive potassium ions out of the
neuron (repolarisation) [20].
The electrical signal (action potential) then propagates down
the neuron’s axon and either transfers to another neuron (via
neurotransmitters) or a muscle cell, for example. The first
neuron then returns to the rest state. The whole cycle takes
between 5 ms and 10 ms. A stimulus can be supplied as
part of the normal functioning of the nervous system or as
an externally induced electrical current. External pulses are
usually supplied by cathodic stimulation where a negative
electrode is placed outside the cell membrane. The negative
potential outside the membrane induces a current that reduces
the trans-membrane voltage (depolarises) and will trigger an
action potential if the stimulus current and the resulting change
in membrane potential is large enough.
The level of current needed to stimulate a neuron will
depend on the excitability of the neuron, the electrode-neuron
distance and the pulse duration. Larger diameter axons are
more excitable and require lower stimulus energy than smaller
diameters. Such larger axons have an insulating sheath of
myelin and are classed as Aα, Aβ and Aδ. The myelin
sheath has regular gaps at intervals of 1 mm, called nodes
of Ranvier (typical width of 2 µm) where the action potential
is regenerated. These nodes are also the points at which an
external stimulus pulse will enter the neuron.
The electrode voltage and the associated source current are
important input values needed in order to determine the resul-
tant currents and voltages induced in the neuron. Numerous
research works have modeled the excitation of neurons using
monopolar electrodes [21], [22], [23]. In particular, we are
interested in determining the magnitude of a stimulus current
that triggers an action potential, the electrode voltage needed to
drive that current and the electrode position. This will allow us
to determine the appropriate current and voltage required from
the nanodevices to stimulate the neurons in the nerve. The
calculation of stimulus current values using experimentally
derived empirical equations is described in the next section.
A. Activation Parameters
The effect of the stimulus can be varied by increasing
or decreasing the pulse length and hence influencing the
activation of neurons of different size and depth in the nerve
bundle. The lowest possible stimulus current of an axon is
called the rheobase but this implies an infinitely long pulse
TABLE II: Axon Characteristics
Axon Type Myelin Diameter Speed Chronaxie
(µm) (m/s) (µs)
Aα Yes 13-20 80-120 50-100
Aβ Yes 6-12 35-75 120
Aδ Yes 1-5 10-35 170
B Yes 3 3-15 200
C No 0.2-1.5 0.5-2.0 400
[24]. The rheobase is usually measured at the source electrode.
Due to the tissue resistivity, the rheobase will be higher when
the electrode is placed at a certain distance (e.g., on the skin).
A more usual parameter is the chronaxie, the minimum time
required for a stimulus current that’s twice the value of the
rheobase to stimulate a neuron [24]. Factors affecting the
accuracy of chronaxie measurements are discussed by Geddes
[25] who notes that the most reliable values are obtained
when a square stimulus pulse is used. Axon characteristics,
including their chronaxie value for different types of neurons
are summarised in Table II.
The source current intensity for stimulation must be in-
creased as the distance between the electrode and the neuron
increases. The increase in source current intensity with dis-
tance is defined by the current-distance equation [24], which
is represented as:
Id = Ith + kd
2. (12)
The minimum threshold current for neuron activation at zero
distance is Ith. At a distance d, the activation current intensity
is Id and the current-distance constant is k which is specific for
different types of axon. Values of k were analysed by Ranck
[26] for a wide range of axon types and measured by varying
methods. A more accurate method of determining the value for
a peripheral motor neuron was devised by Mahman et al. [27]
who also calculated a value for the threshold current Ith. In
our modelling we use this calculated current-distance constant
k of 27 µA/mm2.
The pulse duration and the corresponding threshold pulse
current intensity for neural activation can be plotted using the
Lapicque equation [24], which is represented as:




where the pulse duration is t, the rheobase current is Ir
and the chronaxie is C. The shorter the pulse duration, the
higher the threshold intensity needed to activate a neuron. The
optimum pulse duration for a specific neuron is the chronaxie.
A plot of pulse duration against current intensity (Ith), based
on (13), for a myelinated and unmyelinated axon is shown in
Fig. 7. For an electrode in very close proximity to a nerve
we model a rheobase current of 25 µA that’s derived from
Mahman’s value of threshold current (50 µA) and a pulse
length of 100 µs.
If we consider a pulse length of 100 µs then we can see
from Fig. 7 that the different axon types could be activated by
a stimulus current of less than 0.2 mA.
The magnitude of the stimulus current will also depend on
the voltage at the electrode. For a monopolar electrode the
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Fig. 7: Plot of current against pulse duration for two types
of axon, one myelinated (Aα axon) and one unmyelinated (C
axon). The current intensity for a pulse duration of 100µs is
less than 0.2 mA.
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Fig. 8: Plot of stimulus current and source voltage for a range
of neuron distances and a chronaxie of 100µs. The further the
neuron is from the nanodevice array electrode the higher will
be the required stimulus voltage/current.
electrical potential field Vu at a distance u is given by the





The stimulus current intensity is Id while the conductivity
of the extracellular tissue is ρ. If we assume a homogenous
tissue then we can assign a specific value to the conductivity.
A typical value for neuronal tissue conductivity is 0.3 S/m
[28]. The potential at zero distance is infinite so some specific
radius has to be assigned to the electrode in order to provide
a minimum value of u and allow for a realistic source voltage
[29]. Therefore, due to this factor we assign a radius of
0.1 mm. Fig. 8 shows the variation in stimulus current and
source electrode voltage with neuron depth for a neuron with
a chronaxie of 100 µs stimulated by a 100 µs pulse.
Values for electrode voltage and stimulus current, derived
from (12) and (14) for a range of neuron depths are shown
in Table III. These values are comparable to experimental and
modelling results for cuff electrode stimulation of peripheral
nerves [30].
TABLE III: Electrode voltage and stimulus current for a range
of neuron depths.








The optimum position for a stimulating electrode is at
a node of Ranvier but it is possible to trigger an action
potential between nodes if the stimulus is strong enough. The
stimulus current and corresponding electrode voltage are the
key parameters that our energy-harvesting nanodevices must
provide in order to stimulate neurons at different depths. We
now examine the properties of specific peripheral nerves that
we wish to stimulate.
B. Peripheral Nerve Bundles
Peripheral nerves have neurons grouped in bundles (fasci-
cles) within a nerve and so it is difficult to trigger a specific
neuron.
The peripheral nerves of the wrist and forearm that control
arm and hand movements are the radial, median and ulnar.
At the wrist and elbow, these nerves are buried beneath a
layer of skin/fat (between 1 cm and 1.5 cm) and hence are
easily accessed [31]. The cross-sectional areas of the nerves
vary between 5 mm2 and 10 mm2 [32]. There has been some
research in mapping the topography of fascicles through the
median, radial and ulnar nerves by Jabaley et al. [33] and
Stewart [34]. These studies showed (i) the position of a fascicle
could change within a nerve particularly after the nerve had
branched and (ii) that key fascicles contained neurons of one
type only (either motor or sensory). An accurate mapping of
motor neurons to fascicles would provide valuable information
for the placement of the nanodevices and the calculation of
the probability of stimulating a particular neural response.
A distribution of motor and sensory fascicles in the median
nerve, based on [33] and [34], is shown in Fig. 9.
We model the median nerve as having an elliptical cross-
section with a major diameter of 6 mm, a minor diameter of 2
mm, a cross-sectional area of 9.5 mm2 and a perimeter of 13.4
mm. If a stimulating electrode is placed at the mid-point on
the top surface of such a nerve then the radial distance from
this point to the relevant fascicle will determine the level of
stimulating current needed. However, if the motor fascicles
are concentrated on one side of the nerve then the electrode
should be placed on that side of the nerve to avoid stimulating
other sensory fascicles. Examples of electrode placement on
the median nerve at the wrist and elbow are shown in Fig. 9.
In both cases the electrodes are placed to maximise access to
the motor neuron fascicles and the stimulating current can be


























































A, D, E, F – Sensory Fascicles
B – Thenar motor neurons
C – Lumbrical motor neurons
1 – Motor and sensory hand fascicles 
2 – Pronator Teres, twisting the hand (motor)





Fig. 9: Schematic diagram of median nerve fascicles at the
wrist (A) and the elbow (B), showing how electrode placement
can concentrate the stimulating current on groups of motor
fascicles.
C. Nanodevice Neural Activation
A neuron’s axon can be stimulated at any point along
its length by an electrical pulse of sufficient magnitude. An
activating nanodevice must (i) have sufficient voltage and
charge for stimulation and (ii) allow for an interval of 10 ms
between discharges. In theory, a neuron could be activated 100
times per second but this would be considered a very high
rate. Activation rates of 10 or less per second are more usual.
Nerve stimulus currents are usually in the mA range (see Fig.
8), though the closer the stimulating electrode can be placed
to the nerve then the lower the requirement. Our modelled
nanodevices have a maximum voltage level of tens of mV
and produce current in the µA range (see Fig. 6). Therefore,
based on these requirements, the nanodevices must be coupled
together in parallel to increase the current and in series to
increase the voltage. The coupling of individual ultrasound
harvesting nanodevices in series to boost voltage output and
in series to boost current output is described by Wang in [19].
The experimental results show that the voltages and currents
add as a linear superposition when the ultrasound is activated.
The nanodevices should be capable of delivering square-wave
pulses of varying duration across two electrodes, a cathode of
coupled zigzag electrodes and an anode of coupled substrates,
that can in turn stimulate a nerve.
The minimum possible pulse length from a nanodevice
driven by a 50 kHz ultrasound signal is 20 µs. A longer stim-
ulation time will contain a train of such pulses. The in-built
rectification and capacitive properties of the nanogenerator
convert this train to a single square-wave DC pulse. Neural
stimulation systems usually provide some form of charge
balancing, delivering a biphasic pulse of cathodic current
followed by anodic current. The claimed benefit is to minimize
the degrading effects of charge build-up on the electrode and
surrounding tissue. Our system is a passive device array and
can only provide monophasic cathodic pulses. It cannot switch







Fig. 10: Schematic diagram of coupled nanodevices embedded
in a patch of synthetic biocompatible tissue.
patterns.
The method of inserting nanodevices in close proximity
to neurons then becomes an important factor. We propose
encasing an array of coupled nanodevices within a sealed
patch of synthetic tissue, as illustrated in Fig. 10, and
then inserting the patch of tissue at the site. The use of
coupled arrays and bio-compatible packaging ensures that the
individual nanodevices do not interact with the nerve or nerve
fascicle but only act through a single cathode/anode system.
The bio-compatible material provides insulation for the array
in the surrounding conductive environment.
D. Patch Dimensions
The nanodevice array must deliver a current intensity (Id)
in accordance to (12). That intensity in turn is also dependent
on the pulse duration as shown in (13). If the output current
level of a nanodevice at a particular ultrasound intensity is
Io, and the threshold stimulus current for a particular neuron
depth is Id, then the number of rows of coupled nanodevices





The voltage must also be in the range specified by (14) and
calculated for an electrode radius of 0.1 mm. If the output
voltage of a nanodevice at particular ultrasound intensity is
Vo, and the electrode voltage for a particular threshold current
is Ve, then the number of columns of coupled nanodevices to





The median and ulnar nerves are contained in a skin/fat
depth between 1 cm and 1.5 cm. The external ultrasound
intensity will have dropped below its initial intensity of 720
mW/cm2 at these depths. Hence we use a maximum intensity
of 710 mW/cm2 with a maximum current and voltage per
nanodevice of 1.42 µA and 27.5 mV. The minimum possible
area of a patch of nanodevices, Ap will be derived from the
number of rows Nr, the number of columns Nc and the area
of one nanodevice an:
Ap = NrNcan. (17)
The basic length and width of an array of nanodevices are
set by the number of rows and columns. Our nanodevices
are 1000 µm2 and can be modelled as squares of side 32
µm. There will be a need to allow for small variations in
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TABLE IV: Array dimensions for neuron activation at specific
depths and a constant ultrasound intensity of 710 mW/cm2.
Depth Length Width Fascicles
(mm) (mm) (mm)
1 2.16 0.28 5a, 5c ,4, B1
1.5 3.12 0.55 5b, 5d, 5e, 5f, 5g, 4, B2, B3, C
2 4.44 0.6 5h, 3, A1, A2, A3, A4, A5, F1, F2, E1,
E2, E3, E4, E5, E8, E9
2.5 6.16 0.84 1a,1b, 1c, 1d, 1f, A6, A7, A8, A9, F3, F4,
F5, F6, E6, E7
3 8.24 1.12 1e, 1g, 1h, 1i, 1j, F7, A10, D
dimension as well as a space for coupling connections between
the devices. We, therefore, increase the effective size of a
nanodevice to 40 µm per side, giving an effective area of
1600 µm2. A plot of minimum array area for a range of neuron
depths, pulse durations and input ultrasound intensity is shown
in Fig. 11. The plots show how the area increases for greater
stimulus depth and shorter pulse lengths, since both of these
will result in higher current and voltage. The area decreases for
higher ultrasound intensity as each device can produce more
current and voltage.
Nanodevice array dimensions of length and width are based
on translating the number of rows and columns into equivalent
dimensions in millimetres. For example, at a depth of between
1 cm and 1.5 cm there would be an ultrasound intensity of
710 mW/cm2 with a maximum individual nanodevice voltage
of 27.5 mV and current of 1.42 µA. It would require 73
nanodevices in series to deliver 2 V and 141 nanodevices in
parallel to deliver 200 µA, giving an array of 3 mm by 5.64
mm or 16.92 mm2. It is possible to subdivide the rows and
columns into coupled blocks in order to increase the width
and reduce the length of an array. The block coupling would
preserve nanodevice parallel and series wiring but would
extend some connections to allow the rearrangement of blocks
in the array. The maximum possible width of the array is half
the circumference of the nerve or fascicle that the array will
be placed on.
E. Selectivity of Activation
A fixed-size array of nanodevices can be designed to stim-
ulate the deepest motor neurons but in doing so the current
will also stimulate all closer motor neurons. Some degree of
depth selectivity can be engineered by (i) using a variable-
width ultrasound beam that can irradiate different parts of an
array and (ii) reducing the incident ultrasound intensity over
the full array.
When the ultrasound beam is directed at smaller areas of an
array, then lower intensity stimulus pulses can be generated.
We consider an array, for example, with sufficient rows and
columns to stimulate motor neurons at a maximum depth
of 3 mm at maximum ultrasound intensity. The sub- area
(length and width) that needs to intercept ultrasound energy
for different depths of neuron stimulation is shown in Table
IV. The additional fascicles stimulated at each depth are also
shown based on the distribution in Fig. 9.
Reducing the intensity of an ultrasound beam on a fixed
array size will also reduce the resultant current and voltage
and hence the stimulus depth. The stimulus depth d can be







The stimulus current (Id) in turn can be expressed as a function
of ultrasound intensity (Ur) by combining (15), (11) and
substituting in (18). The number of rows of nanodevices is
Nr, the area of a nanodevice is A, the output efficiency is e











The effect of reducing the ultrasound intensity on a fixed-size
horizontal array is shown in Fig. 12. The array is dimensioned
to stimulate neurons at a depth of 3 mm when subjected to
an ultrasound intensity of 710 mW/cm2. The reduction in
ultrasound intensity Ur causes a reduction in stimulus current
Id with a corresponding reduction in stimulus depth d.
The most difficult fascicle targeting to achieve is to stimulate
a deep fascicle without stimulating closer fascicles. The only
method for achieving this in limited circumstances is the
generation of sub-threshold stimulus pre-pulses as described
by Grill and Mortimer [35]. These pre-pulses can temporarily
raise the stimulus threshold of the closest fascicle allowing a
follow-on to stimulate a deeper fascicle. However pulse timing,
pulse length and pulse interval are crucial in implementing
this.
A further degree of selectivity can be achieved by de-
ploying multiple electrodes at different locations across a
nerve surface. This would require either embedding separate
patches or providing multiple arrays within a single patch.
The stimulating electrodes would be positioned as close as
possible to the target fascicles and engineered to deliver the
stimulus current. The electrodes would be energised either
singly simultaneously by the ultrasound beam and the system
could be modelled as a multipole electrode with careful
attention paid to interaction between the stimulus currents [36]
[37]. The modelling of multiple patches or arrays will be a
subject of further study.
Examples of how an ultrasound intensity of 710 mW/cm2
decreases from the centre to the edges of an elliptical nerve and
a circular nerve are shown in Fig. 13. The modelled surface
segment of the nerve has a major axis (ellipse) or diameter
(circle) of 6 mm and a length of 5 mm. The reduction in
incident ultrasound intensity on a curved patch will cause a
reduction in stimulus current and stimulus depth. The actual
reduction will depend on how much of the patch rests on the
curved edge of the nerve surface. In both cases the maximum
intensity occurs on the part of the nerve surface that is normal
or near-normal to the incident beam (e.g., the midpoint). As
the angle of curvature increases, the intensity decreases but
the effect is more pronounced on a circular cross-section.
This suggests that the width of a nanodevice array, or the




























































































































(c) Ultrasound Intensity 710 mW/cm2
Fig. 11: Nanodevice array area for a range of neuron depths, pulse lengths and ultrasound intensities. The array area needs to
be significantly larger if the incident ultrasound intensity is lower.
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Fig. 12: Plot of Ultrasound Intensity vs. Stimulus Depth
for a fixed-size array (8.24 mm length, 1.12 mm width) of
nanodevices.
nerve (elliptical or circular cross-section) in order to maximise
energy harvesting.
V. CONCLUSION
We have shown that an external ultrasound portable source
can be a viable method for supplying wireless vibrational en-
ergy to an embedded patch of energy-harvesting nanodevices.
The harvesting is implemented with non-resonant piezoelec-
tric ZnO nanowires that allow the use of lower-frequency
ultrasound (50kHz) with a lower absorption loss in human
tissue. The intensity of the ultrasound must remain within
safe medical limits and there must be no air gap between
the source and the human skin. By coupling the nanodevices
into an array we can boost the power output and emulate
an electrode for peripheral nerve stimulation. The size of the
array, the area activated and the intensity of the ultrasound
can all be varied in order to provide a certain element of
selective neural activation. In the future, such stimulation will
have a greater role in treating debilitating neural conditions,
compensating for nerve damage and enhancing prosthetic
control. This would entail the deployment of such nanodevice
arrays not only in the peripheral nervous system but also
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Fig. 13: Ultrasound intensity across (a) an elliptical cross-
section nerve (major axis 6mm) and (b) a circular cross-section
nerve (diameter 6mm).
of the brain. The wireless nanodevice patch could also be
utilised to communicate through the nervous system itself by
generating action potentials to send data messages to distant
receivers. This will enable the nervous system to be used as an
information highway to communicate between multiple nan-
odevices that are interfaced to the nerves. Embedded energy-
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harvesting nanodevices may also acquire increased functional-
ity for directing targetted drug delivery and sensing of medical
conditions through molecular communications [38]. Networks
of nanodevices could be established in the skin or in specific
organs such as the heart in order to detect changes in key
chemical concentrations and communicate this information to
an external monitoring system. Once this communication sub-
system of the nervous system is interconnected to the Internet
using, for example, terahertz communications [39] we can then
realize the vision of the Internet of Bio-Nano Things [40].
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